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A simulation model of immunostimulating Interstitial Laser Thermotherapy (im-
ILT) has been developed to investigate the effect that biological variations in
tissues have on the treatment outcome. The biological variations include optical
and thermal properties. The model based on the results of these investigations was
further developed to investigate the possibility of predicting an imILT treatment
outcome on ex vivo bovine cardiac muscle tissue, and experiments were performed
to validate the simulations. An imILT treatment is based on laser induced tissue
ablation due to heat generation via light absorption. The optical properties, i.e.
the absorption and the reduced scattering coefficient, affect the treatment outcome
in a similar way. An increase in these coefficients yields a faster temperature rise
closer to the light source. Furthermore it was seen that it is important to take
into consideration a change in optical properties related to thermal coagulation of
tissue since the optical properties of coagulated tissue are significantly different
from non-coagulated tissue of the same type due to the increased scattering. The
effect of varying the thermal properties on the treatment outcome was found to be
governed by heat conductivity. Changes in the model were thus made to account
for the effects due to tissue coagulation and the heat conductivity by implementing
a dynamic relationship between temperature and the optical and thermal proper-
ties. The simulated results were found to be in good qualitative agreement with
the experiments.
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Chapter 1
Introduction
Laser light has been used for a wide variety of applications, and within the medical
field it was already employed in the early 1980’s. It was for example introduced in
the form of laser-induced interstitial thermotherapy (LITT) by e.g. Bown in 1983
[1]. Laser-induced interstitial thermotherapy can be used as a mean of minimally
invasive tumour ablation, and has an advantage over traditional surgical meth-
ods regarding for example treatment of primary and metastatic focal malignancy,
tumours in poor operative candidates, and pain palliation [2] because of its less
invasive treatment approach. Another advantage with using laser light for thermal
therapy is that it can deposit a precise amount of energy in a well-defined region,
which in turn induces lesions (accumulated tissue damage) of reproducible size [3].
Figure 1.1: A sketch of an ImILT treat-
ment, where an optical fiber (thicker) acts
as a light and heat source, and a tempera-
ture probe (thinner) acts as a temperature
feedback sensor.
The technique which this thesis is fo-
cused on is called Immunostimulat-
ing Interstitial Laser Thermotherapy
(imILTCLS), and has been developed by
Clinical Laserthermia Systems (CLS),
based in Lund, Sweden [4]. imILT is
based on LITT, and is a treatment
technique developed to treat cancer-
ous tissue. In addition to eradicating
the primary tumour, imILT has been
shown to induce a potential release of
tumour specific antigens resulting in a
systematic immune activation against
1
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remaining cancer cells in the treated region [5].
An immunostimulating interstitial laser thermotherapy treatment session is initi-
ated by delivering laser light via an optical fiber to the tissue of interest, which
induces a temperatue gradient within the tissue (figure 1.1). The clinical practice
is thereafter to increase the temperature at the tumour border to 46◦ C and to
maintain this temperature for 30 minutes, considered the treatment time. The
reason for having a treatment time of 30 minutes at this low target-temperature is
to ensure complete cell necrosis in the targeted tissue [6], and induce an immuno-
logically driven anti-tumour response [7].
Regarding the application of imILT, an expanded understanding of light-tissue
interaction and the subsequent heating of tissue is of importance, since it governs
the thermally induced effects the tissue experiences. Two tissues of the same
type do not have the same optical and thermal properties due to variations in for
example blood content, water content, and fiber development, and thus implies
that a specific tumour type has varied properties between different patients. Thus,
it is of importance to understand how a difference in these properties for the same
tissue type can effect the outcome of a treatment, and how large of an error this
yields for a certain protocol. Furthermore, it is also known that the different
properties of tissue can dynamically change during a laser-based thermotherapy
treatment, which means that a static model yields a possibly large inaccuracy [8].
A greater knowledge of these effects during treatment can be used to investigate
the possibility of predicting the outcome of a in vivo imILT treatment.
Aim of the thesis
The aim of this thesis is to develop a simulation model of imILT to investigate:
 the effect on the treatment outcome when:
– introducing a variation in thermal and optical properties
– inducing changes in these properties based on conditions such as ther-
mal tissue coagulation
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 the possibility of predicting a treatment outcome by using the previous sim-
ulation results to develop a dynamic model regarding thermally induced
effects in tissue
This will be performed in one part by conducting ex vivo imILT experiments on
bovine cardiac muscle tissue (using a protocol used in [5], developed by CLS), and
in one part by recursively developing a simulation model based on the results and
evaluations of the experiments and previous simulations in a iterative manner,
beginning with varying optical and thermal properties close to reference data of
bovine cardiac muscle tissue. Note that a similar tissue model was simultaneously
developed in [9] regarding fixed parameters for bovine cardiac muscle tissue. These
two models were however developed independently of each other, and the aim in
[9] was to investigate the thermal effect on different components in optical fibers.
Chapter 2
Light-tissue interaction
2.1 Tissue Optics
To better understand how light interacts with tissue, the physiology, biochemistry,
and morphology of tissue needs to be translated into optical parameters that will
represent a tissue average in regard to its interaction with light. This section
will focus on scattering and absorption which are the two fundamental optical
properties in tissue. These two processes are then used to describe light transport
in tissue via the diffusion theory.
2.1.1 Optical properties of tissue
Consider a beam of light delivered into a medium via an optical fiber. The light
mainly interacts with the particles within the medium via absorption and scatter-
ing, and in what amount defines the optical properties of the medium. Regarding
the interplay between light and particles, scattering and absorption have two dif-
ferent roles. Absorption is considered to transfer all of the photon energy to the
absorbing particle, whilst scattering can occur in two ways. These are inelastic
scattering and elastic scattering. There exists several inelastic scattering phenom-
ena, but these processes are typically much weaker than elastic scattering [10]
and may thus be ignored in this thesis. Regarding elastic scattering such as Mie
scattering and Rayleigh scattering, the energy is conserved in the scattering pro-
cess. Mie scattering occurs when the wavelength is comparable to or smaller than
the the particle size, and Rayleigh scattering occurs for wavelength larger than
4
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the particle size [11]. The components of biological tissue in regard to a theo-
retical analysis of scattering, are assumed to be spherically shaped particles, and
the electromagnetic wave propagation is then modelled via Mie theory. Here, the
scattering from one sphere can be described by the radiation caused by a dipole
induced through the interaction with the incident electromagnetic field [12].
The majority of biological tissues are considered to be scattering media or turbid
media due to their strong optical scattering characteristics in the visible to the
near infrared wavelength range [13]. The whitish colour of tissue, rather than
black, demonstrates that tissue scatters visible light. Optical scattering of light
in tissue occurs due to for example random spatial variations in the refractive
index, and in tissue density, where these properties are related to the hetero-
geneity of tissue. The absorption of light in tissue is in contrast to scattering
mainly governed by the concentration of tissue components that absorb light, so
called Chromophores. Important chromophores in the visible wavelength range
are oxyhemoglobin, deoxyhemoglobin (oxygenated blood and deoxygenated blood
respectively), and melanin (pigment granules in the skin and eye), while water is
an important chromophore for light of infrared wavelengths [14]
Biological tissue can however be optically characterized by having small and uni-
formly distributed scattering and absorption centres throughout the tissue, and
these can in turn be characterized by the scattering coefficient, µs (mm
−1), and
the absorption coefficient, µa (mm
−1), respectively. These coefficients represent
the inverse of the mean free path between scattering events and until absorption,
respectively [13]. Another component regarding scattering in biological tissue is
the anisotropy factor, g, given by
〈cos θ〉 = g (2.1)
which is defined as the mean cosine of the scattering angle of light (θ) and thus
describes the angular distributon of light in the tissue. The value of the anisotropy
factor can vary between −1 and 1 where the g-values of −1, 0 and 1 represent
complete backward, isotropic and complete forward scattering of light respectively
[14]. A typical value of g for tissue in the visible and near-infrared region is larger
than 0.9, implying the forward-scattering nature of tissue [3]. Combining the
anisotropy factor and the scattering coefficient, the reduced scattering coefficient,
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µ′s, can be introduced [13]:
µ′s = (1− g)µs (2.2)
The spectral region between 600-1300 nm is often refered to as the tissue optical
window, this being possible mainly due to a lack of strong absorption by blood.
The tissue optical window is thus of interest for biomedical optics since a much
longer penetration depth can be achieved here [15]. Photons in this wavelength
range propagating in biological tissue has an average mean path length between
two scattering events of about 0.1 mm, and a mean absorption length of about 10-
100 mm [16]. For this reason, lasers emitting light with a wavelength of 1064 nm,
such as the Nd:YAG Laser, can be utilized. This is because a deeper penetration
of the light into the tissue allows for a higher power deposition, which in turn
allows for a larger volume of possible necrosis.
2.1.2 Light transport - Diffusion theory
How light is distributed throughout a medium can be described by treating it
as a concentration of optical energy that diffuses down a concentration gradient.
This description of light used when simulating light transport using the diffusion
theory assumes that the quantity diffusing, in this case optical energy, does not
have a preferred direction of travel. Thus, the net movement of that quantity is
by diffusion down a concentration gradient, following Fick’s first law of diffusion
[17].
A collimated beam of light entering tissue from an optical fiber has a defined
direction of travel. However, due to the highly scattering nature of biological
tissue, the incoming photons quickly loose their directionality (due to multiple
scattering events) in a distance of 1/[µa +µ
′
s], called the transport mean free path
(or MFP’), which for tissue in the visible or near-infrared region corresponds to
1-2 mm. The MFP’ defines the distance from the light source where the diffusion
theory is valid, and can be said to be the point of origin for the diffusion process.
Another assumption made by the diffusion theory of light is that photons are able
to participate in random walk, meaning that the photons should undergo many
scattering events before being absorbed. A commonly cited rule of thumb is that
the ratio µ′s/µa should be larger than 10 for the diffusion theory to be valid.
Chapter 2. Light-tissue interaction 7
A mathematical description of the diffusion theory of light in a form designed for
numerical analysis, in this case, a partial differential equation, is given by [17]
change in
fluence rate
1
c
∂φ(r, t)
∂t
−
diffused light
∇ ·D∇φ(r, t) +
absorbed light
µaφ(r, t) =
source term
S(r, t) (2.3)
where the terms seen on the left-hand side represents a loss of photons due to
diffusion and absorption, and the right-hand side describes the source term (light
source, i.e. gain of photons) S(r, t) . Here:
 c (m/s) represents the speed of light in the medium of interest
 φ (W/cm2) is the photon fluence rate and can be regarded as a measure of
concentration, where φ/c = C is the concentration of optical energy
 D (m) is the diffusion coefficient
 µa (m
−1) is the absorption coefficient
The diffusion coefficient, D, is in this case given by:
D =
1
3(µa + µ′s)
(2.4)
A stationary form of the diffusion theory of light will however be used in this thesis
since the light source used represents a continuous-wave laser instead of a pulsed
laser. This implies that the light distribution in the medium of interest can be
seen as continuous and independent of time, if under the assumption that when
the laser is turned on a specific light distribution is generated. Eq. (2.3) thus
becomes:
−∇ ·D∇φ(r) + µaφ(r) = S(r) (2.5)
An approach to numerically solve a partial diferential equation such as eq. (2.5)
for a system of complex boundaries and differing parameters is to utilize the finite
element method (FEM), which was used in this thesis. The finite element method
is based on solving a partial differential equation for a domain by dividing it
into discrete arbitrary elementes with associated equations, which are solved for
and thereafter assembled into a larger system. The solution for the problem in the
Chapter 2. Light-tissue interaction 8
enitire domain can therafter be calculated using this generated system of sulutions
[17].
2.2 Interstitial heat transfer & effects on tissue
Absorbed laser light that is irradiated into biological tissue leads to heat generation
and thus to a local temperature rise. How this translates into the resulting heat
distribution and injury in biological tissue will be discussed in this section.
2.2.1 Bioheat equation
A way to describe heat generation in biological tissue by absorption of light and the
subsequent heat distribution is by utilizing the bioheat-transfer equation, called
Pennes’ equation [18],[19]:
ρcp
∂T
∂t
+∇(−k∇T ) = ρbcbωb(Tb − T ) +Qmet +Qext (2.6)
where:
 ρ and ρb (kg/m
3) are the density of tissue and blood respectively
 cp and cb (J/(kg·K)) are the specific heat of tissue and blood respectively
 k (W/(m·K)) is the tissue heat conductivity
 T (K) is the local tissue temperature
 ωb (s
−1) is the blood perfusion rate
 Tb (K) is the temperature of arterial blood
 Qmet (W/m
3) is the metabolic heat source i.e. heat generated by cell metabolism
 Qext (W/m
3) is the heat source coupled to light absorption
This equation differs from the classic heat transfer equation by including terms
representing cell metabolism and blood perfusion. The classic heat equation de-
scribes the distribution of heat in a given region over time due to conduction, and
is derived form Fourier’s law and conservation of energy. According to Fourier’s
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law, the rate of flow of thermal energy per unit area through a surface is propor-
tional to the negative of the temperature gradient across the surface, meaning that
heat transfer is in the direction of decreasing temperature. In this thesis regarding
Pennes’ equation Qext corresponds to heat generation by absorption of laser light,
µaφ(r). The experiments in this thesis were conducted ex vivo, and therefore, the
blood perfusion rate (ωb) and the metabolic heat source (Qmet) were assumed to
be negligible during the simulations performed throughout this thesis work [18].
2.2.2 Laser induced interstitial thermotherapy
The goal of thermotherapy is to destroy tumourous, unhealthy tissue by means of
introducing a potent temperature gradient that can kill and disrupt cells in the
tumour. At temperatures above 50◦C thermal coagulation occurs [3],[20], a form
of tissue destruction, which is defined as the thermally induced, irreversible alter-
ations of cellular proteins and other biological molecules. Thermal coagulation can
be seen directly after a treatment where it is indicated by a visible whitening of
the tissue [21]. The central parts of the coagulated region (necrotic core) is com-
pletely denatured and therefore lacking degradative enzymes. The necrotic core
is also isolated from the inflammatory cells of the body due to the destruction of
blood cells induced by the thermal coagulation [22]. At the temperatures reached
during thermal coagulation, the destruction of tumour and normal tissue occurs at
the same high rate which implies the importance of applying heat at the precisely
right location. An increase of the tissue temperature to above 100◦C results in
the boiling of water residing in the tissue which leads to steam bubble formation,
where these bubbles can coalesce, forming holes in the tissue (illustrated in fig-
ure 2.1). Increasing the temperature of dehydrated tissue furthermore, to about
400◦C, will initiate tissue burning, resulting in the production of charred tissue
and smoke, i.e. carbonization [23].
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Figure 2.1: An illustration of possible thermal effects in biological tissue that
can occur during laser induced interstitial thermotherapy. Modified from [18].
Significant thermal effects in tissue due to laser ablation occur for higher power
densities such as 10 W/cm2 from either continuous wave radiation or pulse dura-
tions longer than about 1 µs [18]. Typical lasers used for thermotherapy are for
example Nd:Yag (neodymium-doped yttrium aluminium garnet) lasers and diode
lasers as used in this thesis (continuous wave). Regarding vaporisation and precise
thermal cutting, CO2 lasers are useful [18]. Figure 2.1 shows an example of the
thermal effects that can occur during a laser induced interstitial thermotherapy
treatment. There are several thermal processes that can occur, where the loca-
tion and spatial extent of each thermal process depend on the locally achieved
temperature during and after laser exposure.
For a quantative approximation of the accumulated thermal damage to biological
tissue over a period of time at a certain temperature level, Arrhenius equation, a
first-order thermal-chemical rate equation, is useful [18]:
ln
C(t)
C0
= −A
∫ t
0
exp
(
− ∆Ea
RT (t′)
)
dt′ = −Ω(r, t) (2.7)
where:
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 C0 is the initial concentration of molecules (or cells), and C(t) is the con-
centration at a time t
 Ω is the rate constant, and is a dimensionless factor that also can define
irreversible thermal injury
 A (s−1) is the frequency factor, and contains information about the frequency
and orientation of collisions
 ∆Ea (J/mol) is the activation energy, which defines the energy required for
a reaction to occur
 R (J/mol·K) is the universal gas constant of 8.314
 t (s) is the time of heat exposure
The Arrhenius equation can be used to characterize the rate of denaturation of
molecules by inserting values for the parameters A and ∆Ea in regard to experi-
mental data for the tissue of interest. The damage integral in eq. (2.7) determines
the local degree of tissue damage, and the damge degree is defined as the fraction
of deactivated molecules or cells, fd, [18]:
fd(t) =
C0 − C(t)
C0
= 1− exp(−Ω(t)) (2.8)
Experimental research has coupled Ω to the probability of cell death in biological
tissue, where Ω = 1 represents a 63% probability of cell death, and Ω = 4.6%
represents a 99% probability of cell death [34]. The changes in the tissue of
interest induced by thermotherapy implies an effect on its optical properties where
prominent changes occur during the process of coagulation. It has been shown
that coagulated tissue has a larger scattering coefficient than its non-coagulated
counterpart, but the difference in the absorption coefficient is nearly negligible
[18].
2.2.2.1 Hyperthermia
At the periphery of laser induced interstitial thermotherapy (LITT), the tempera-
ture of the treated tissue is lower and no measurable efects in the tissue of interest
are observed below 42◦C. Heating tissue to temperatures between 42 and 50◦C
leads to tissue damage on the cellular level, this as a consequence of a number
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of different possible processes summarized in the term hyperthermia, and is illus-
trated in figure 2.1 [18]. Structural changes in protein can be induced by heat as
a result of breaking hydrogen bonds and disturbing ionic interactions within the
macromolecules [24]. Hyperthermia has been shown to remove proteins needed to
stabilize the different cell membranes, for which there exists a good correlation to
cell death [25]. Another effect that occurs during hyperthermic treatment is the
sudden inhibition of the synthesis of cellular DNA, RNA, and proteins [26], for
which there has been shown to exist a correspondence to the degree of heating
[27]. The cytoskeleton is also affected by hyperthermia, which leads to alterations
in the organisation of its various components [28].
The end effects of the thermally induced injuries described above depend on the
thermal dose: they are either reversible or lead to tissue death by necrosis or
apoptosis (programmed cell death). The term Necrosis is defined as the active
degradation process that develops after the death of cells and tissues [3]. The
degree of cell death is to some extent increased through apoptosis, which is the
cell death mechanism responsible for the physiological elimination of cells [29].
The full extent of cell death can however not be fully analysed with certainty
until 24-72 hours after an hyperthermic treatment due to the slow process of the
apoptosis (necrosis occurs almost immediatly) [21],[30].
2.3 imILT
Immunostimulating interstitial thermotherapy, formally imILTCLS, a treatment
method developed by Clinical Laserthermia Systems (CLS) [4], based on laser in-
duced interstitial thermotherapy (LITT), makes use of thermotherapy at tempera-
tures above and under the requirement for thermal coagulation to treat cancerous
tissue. The principle of the procedure is to introduce a temperature gradient in
the cancerous tissue of interest by delivering laser light guided by an optical fiber
into the tissue; the tumor is heated untill the periphery of the tumor reaches
46◦C, and is thereafter kept at this temperature for about 30 minutes. This is
performed by adjusting the output power of the laser by turning it off when the
temperature at the tumour border is above 46◦C and off when lower than 46◦C.
The 30 minutes treatment time is required since irreversible cell damage at 46◦C
only occurs after about 30 minutes [6], [31]. In addition to eradicating the primary
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tumour, a favourable immunological response, followed by anti-tumour immunity,
can be induced by laser thermotherapy [7], [32]. This immunological response can
contribute to the destruction of the remaining tumour cells in the treated region,
as well as tumour metastasis outside the treatment region.
Chapter 3
Simulations & Experiments
3.1 Ex vivo investigation of imILT
In short, the aim of this thesis is to develop a simulation model to analyse how the
thermal and optical properties of biological tissue affect the outcome of an imILT
treatment. An experimental investigation of imILT was therefore conducted ex
vivo on bovine cardiac muscle tissue as a reference for validation of the simulation
model.
3.1.1 Ex vivo experimental set-up
An example of the experimental set-up used in this thesis is shown in figure 3.1.
This experimental set-up and the accompanying protocol was developed by CLS
[5].
14
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Figure 3.1: An example of the ex vivo experimental set-up used for an im-
munostimulating interstitial laser thermotherapy treatment of bovine cardiac
muscle. An optical fiber (A) and a temperature measurement probe (B) are
inserted into the tissue via a plastic template.
3.1.1.1 Light source
The light source used is a continuous-wave diode-laser with an output wave-
length of 1064 nm, and is a part of a laser system tailored to imiLT, named
TRANBERGCLS | Mobile Laser Unit, developed by CLS [4]. The unit includes an
automatic temperature feedback system that adjusts the output power based on
the temperature measured in the tissue of interest.
3.1.1.2 Means of light delivery
A multi-mode radial fiber developed by CLS was used to guide the laser-light to
the part of the tissue to be heated. This fiber emits the light with a radial (ring-
like) intensity profile in a plane perpendicular to the fiber axis, having a divergence
angle of approximately 15◦. The outer diameter of the fiber is 1.81 mm, and the
plane of light emission is located 2 mm above the fiber tip.
3.1.1.3 Temperature measurement probes
Three different temperature measurement probes, single probe 1 (SP1), SP2, and
multi probe (MP), developed by CLS were used to monitor the temperature in the
treated tissue. SP1 and SP2 measure the temperature using a thermistor located
3 mm above the tip of the probe, and have an accuracy of 0.2◦C in the interval
between 30 and 70◦C. The MP only differs from SP1 and SP2 in that it has in
Chapter 3. Simulations & Experiments 16
total four thermistors (MP1, MP2, MP3, MP4) equidistantly spaced by 5 mm
along the length of the probe. The temperature sensor used for modulating the
laser, master probe, can be chosen by the user. The master probe should ideally
measure a constant temperature of 46◦C during the imILT treatment.
3.1.1.4 Tissue model
The tissue model used for the experiments throughout this thesis work, consists of
samples of bovine cardicac muscle tissue cut into even slabs, placed into glass cups
containing a PBS (Phosphate-Buffered Saline) solution. These cups are further-
more placed into into a water bath (seen in figure 3.1) where they were heated to
the average human body temperature of 37◦C and were kept at this temperature
during treatment. The PBS solution utilized was used to balance the amount of
salt ions in the cells of the tissue, preventing them to burst, and also to prevent
the tissue to dry out. Additionally, the PBS solution provides an environment
closer to that of the human body. The reason for using a tissue model with bovine
cardiac muscle tissue for the experiments in this thesis is because the results can
be reproducible [5].
3.1.2 Experimental procedure
The basis of the ex vivo experimental procedure for all experiments made in this
thesis work was made in the following way: when the temperature of the tissue
slab reached 37◦C, the fiber and the master probe were inserted parallel to each
other at a relative distance of 10 mm with the aid of a plastic template put on
top of the slab, as shown in figure 3.1. The template consisted of a solid peace of
hard plastic with a set of parallel drilled holes with a 5 mm spacing. The depth of
placement into the tissue for the radial fiber and the master probe was 28 mm and
29 mm respectively, thus measuring the temperature at the plane of light emission.
The laser’s output power was set to 8 W. Note that the output power of the laser
increases from 0 W to 8 W in steps of 1 W per second.
At the beginning of the immunostimulating interstitial thermotherapy session,
there is a so called warm-up time, which is the time required for the laser to heat
the tissue to 46◦C at the position of the master probe. After the warm-up time the
30 minutes treatment thereafter commenced. After the treatment the tissue slab
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was cut along the plane defined by the optical fiber and the master probe. The
accumulated damage seen, in this case the visible lesion due to tissue coagulation,
was measured using a ruler.
Additionally, a set of ex vivo experiments using the same set-up as above plus using
all three temperature measurements probes (SP1, SP2, and MP) simultaneously
was made. These experiments were performed to see how the temperature changes
at points closer and further away from the radial fiber in regard to the master
probe, and how these readings compare to the results of the simulation model. The
temperature probes that were not acting as the master probe were inserted into the
tissue through the plastic template at distances of 5 and 15 mm respectively away
from the radial fiber. SP1 and SP2 were placed at a depth of 29 mm, whereas
the tip of the MP was placed at a depth of 39 mm, having MP3 in the plane
of light emission. Since the MP can measure the temperature at four different
depths simultaneously, its position was interchanged with SP1 and SP2 between
the treatments.
3.2 Simulating imILT
The imILT simulation model generated in this thesis work was built using the
Finite element method oriented software, COMSOL Multiphysics [33]. This soft-
ware has built-in features for constructing a tissue geometry, as well as for solving
the stationary Diffusion (eq. (2.5)) and the Bioheat equation (eq. (2.6)). The
light propagation in tissue in the model is given by the diffusion equation which
determines where the light propagates. A part of the light is absorbed which leads
to the generation of heat. The propagation of the generated heat is determined by
the bioheat equation. These equations ((2.5),(2.6)) were solved for in a serial man-
ner in regard to each other, beginning with (2.5). Heat can also induce changes
in the optical and thermal properties of tissue which therefore leads to recursive
parameters. In this case the parameters for equations equations (2.5) and (2.6)
were updated for every time step.
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3.2.1 Tissue geometry
Using COMSOL Multiphysics, a square-shaped slab of dimensions 40 × 40 × 40
mm was created as a basis for the tissue geometry. To this slab, the following
thermal and optical properties can be allocated in the model:
 ρ (density)
[
kg m−3
]
 cp (specific heat)
[
J kg−1 K−1
]
 k (heat conductivity)
[
W m−1 K−1
]
 µa (absorption coefficient) [cm
−1]
 µ′s (reduced scattering coefficient) [cm
−1]
3.2.2 Modelling Light transport
The stationary form of the diffusion theory (eq. (2.5)), formulated via a stationary
Helmholtz equation, was used to simulate light transport in tissue. A point source
added at the center of the tissue slab was used as an external light source, repre-
senting S(r) in eq. (2.5), and thus the light delivered by the fiber. The optical
parameters, µa and µ
′
s were chosen to correspond to their values for 1064 nm in
regard to the tissue of interest. The power allocated to the point source was set to
mimic the behaviour of the output power of the laser from the experiments. The
power of the light source in the model therefore increases from 0 W to 8 W with
steps of 1 W per second. After the warm-up time, the power allocated to the light
source when on was approximated to 3 W to approximate the ramp-up behaviour
and decrease the computation time. This value was chosen based on the ex vivo
experiments performed in this thesis.
3.2.3 Modelling heat generation and heat transport in tis-
sue
The bioheat-transfer equation (eq. (2.6)) was used to simulate both heat genera-
tion and heat transport in the tissue model. Here, both ωb and Qmet were set to
zero. The external heat source, Qext, was for every point in the model calculated
using the simulated light intensity distribution, φ(r), multiplied by the absorption
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coefficient, µa. A virtual temperature measurement probe was created to represent
the master probe from the experiments and was used to measure the temperature
10 mm away from the light source, and to control the power modulation.
3.2.4 Assessment of tissue damage
The heat-induced damage in the tissue of interest during the imILT simulations
was evaluated using two methods to be compared with the experimental results
obtained in this thesis. The first method utilizes a temperature threshold at 55◦C
in regard to thermal coagulation to assess the damaged region of the tissue slab.
This temperature threshold was chosen because it is within the defined tempera-
ture region for thermal coagulation. The second method is where the Arrhenius
equation, eq. (2.7), is used where Ω = 4.6 indicates that 99% of the tissue experi-
ences irreversible thermal damage [34]. These two assessment methods can then
be compared to the experimental results, where tissue coagulation is the most vis-
ible effect seen directly after a treatment. Regarding the last simulation study a
threshold temperature of 60◦C was also used to determine tissue coagulation, this
to investigate if it gives a resulting lesion closer to the experimentally measured.
Ω = 1 corresponding to a 63% probability of cell death [34] was also used in the
last simulation study to investigate the possibility of predicting in vivo lesion sizes.
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3.2.5 Simulation studies
Table 3.1: The layout of the different simulation studies performed in this
thesis work, including the parameter ranges chosen, and a short description of
the corresponding relevance of each study.
Simulation study Parameter range Motivation for the study
Changing the optical To investigate the effects of a
properties of tissue µa = 0.2 - 0.4 cm
−1 and change in optical properties on
µ′s = 2.96 - 15.4 cm
−1 the outcome of an imILT
treatment
Changing the thermal k = 0.197 - 0.532 W/(m·K) Same as above in regard
properties of tissue ρ = 993 - 1039 kg/m3 to thermal properties
Cp = 3370 - 3810 J/kg·K
Static coagulation Volume sizes chosen to be To assess how different volumes
volumes comparable with the of coagulated tissue, having
experimental results: different optical properties
diameters of 5 - 17 mm affect the imILT treatment
outcome
Recursive tissue 55◦C and 60◦C, which are To asses how dynamic optical
coagulation cited thresholds for and thermal properties affect
thermal coagulation the imILT treatment outcome
of biological tissue. based on the previous studies
Also by using eqs. (3.1)-(3.3)
3.2.5.1 Varying optical & thermal tissue properties
Optical and thermal properties vary between individuals and thus as well for dif-
ferent tumours. As a mean of investigating the impact of varying tissue properties
a simulation study was performed. The thermal and optical properties were varied
in a range considered realistic for ex vivo and in vivo settings in regard to bovine
cardiac muscle. These tissue properties were changed one at a time. During the
simulation study where the optical properties were changed, the thermal proper-
ties were fixed. They are given by table 3.2. The reduced scattering coefficient
was changed within the interval 2.96 - 15.4 cm−1, and the absorption coefficient
was changed within the interval 0.2 - 0.4 cm−1. These intervals were chosen based
on data from source [36] in regard to bovine cardiac muscle tissue. Undamaged
bovine cardiac muscle tissue is represented by µ′s = 4.9 cm
−1 and coagulated tissue
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is represented by µ′s = 15.4 cm
−1. Note that these values of the optical properties
only hold for the wavelength 1064 nm.
Table 3.2: Thermal properties of bovine cardiac muscle. The references come
in order from left to right.
ρ [kg/m3] cp [J/kg·K] k [W/m·K] Reference
1016 3430 0.418 [37], [38], [39] + [40]
For the simulation study where the thermal properties were varied the, the heat
conducitity was changed within the interval 0.197 - 0.532 W/(m·K) where 0.418
W/(m·K) is the average of the value of k from sources [39] and [40] (the values
were quite scattered). Changes in density and specific heat were also simulated
for, this using the intervals 993 - 1039 kg/m3 and 3370 - 3810 J/kg·K based on
values from sources [37] and [38] respectively.
3.2.5.2 Static Coagulation volumes
In addition to the optical and thermal properties varying between different pa-
tients the properties can change during treatment. These changes are induced
by the increase in temperature. The most important heat induced effect is tissue
coagulation. In order to investigate the impact in imILT due to different sized
coagulation zones a simulation study was performed where the range of sizes for
the coagulation zone was chosen to be comparable with the measured lesions from
the experimental results. This range of sizes for the volume of coagulated tissue
simulated for was set to 5 to 8.5 mm in diameter centred at the position of the
light source. The value of µ′s allocated to the coagulated tissue was set to 15.4
cm−1 and the absorption coefficient remained at 0.3 cm−1 as for non-coagulated
tissue. The thermal properties were fixed at the values shown in table 3.2, except
for one simulation were k was set to 1 W/(m·K).
3.2.5.3 Recursive tissue coagulation
Thermal coagulation of tissue is however a dynamic process where the volume of
coagulated tissue develops over time dependent on heat exposure. The thermal
properties of tissue also change during heat exposure, mainly due to temperature
dependent dissipation of water residing in the tissue. As a mean of investigating
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the impact of a dynamic change in optical and thermal properties in imILT, a
simulation study was performed where these properties where recursively changed
over time. The analysis of the results can be aided by the previous investigations
mentioned in sections 3.2.5.1 and 3.2.5.2. The study was also performed to inves-
tigate if the model has a potential to predict the outcome of a imILT treatment.
One approach to apply a dynamic dependence of the optical properties of tissue
on temperature is in the form of a step function, that utilizes a threshold temper-
ature that divides tissue into non-coagulated and coagulated, evaluated for every
mesh element in the tissue geometry. The optical properties for coagulated tissue
can then be dynamically allocated to the coagulated tissue regions, based on the
highest temperature reached in each point. The different threshold temperatures
used are 55◦C and 60◦C. Another approach to modulate for the dynamic changes
in the optical properties due to thermal damage is by using equations (3.1)-(3.3)
[35]:
µa = µa,native · fu + µa,coagulated · fd (3.1)
µs = µs,native · fu + µs,coagulated · fd (3.2)
g = gnative · fu + gcoagulated · fd (3.3)
where µa,native, gnative, and µs,native correspond to the absorption coefficient, the
scattering coefficient, and the anisotropy factor of undamaged (non-coagulated)
tissue respectively. The denotations µa,coagulated, gcoagulated, and µs,coagulated are their
counterparts in regard to coagulated tissue. The fraction of damaged tissue given
by the Arrhenius equation denoted as fd is described as fd(t) = 1− exp(−Ω(t)) as
shown in eq. (2.8), and the fraction of undamaged tissue denoted as fu is described
as fu(t) = 1− fd(t). The values of the frequency factor, A, the activation energy,
∆Ea, and the universal gas constant, R, used for solving the Arrhenius equation
in this thesis work are given in table 3.3. The table also contains the values used
for the optical properties in this study.
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Table 3.3: Parameters coupled to recursive tissue coagulation used in the
model.
Parameter Native tissue Coagulated tissue Reference
A [s−1] 2.8 · 1023 [41]
∆Ea [kJ/mole] 162± 9 [41]
R [kJ/(mole ·K)] 8.314 [41]
µa [1/cm] 0.3 0.3 [36]
µs [1/cm] 140 280 [36]
g 0.965 0.945 [36]
The temperature dependence of the thermal properties of tissue can however be
implemented outside of the above mentioned step function. These properties can
instead be modulated as being dependent on the water content, which dissipates
with temperature. An approximative description of the dynamic changes in the
thermal properties of tissue in regard to water mass percentage in tissue, w, (ap-
proximately 75% for muscle tissue [42]) in the range of 20 − 100◦C is shown in
equations (3.4)-(3.6) below [35]:
ρ(T ) = 1000(1.3− 0.3kρ · w)
[
kg m−3
]
(3.4)
cp(T ) = 4190(0.4 + 0.6kCp · w)
[
J kg−1 K−1
]
(3.5)
k(T ) = 0.4(0.1 + 1.4kk · w)
[
W m−1 K−1
]
(3.6)
where T (◦C) is the tissue temperature, kρ, kcp , and kk are temperature dependent
factors for ρ, cP , and k of water, and can be written as:
kρ = 1− 4.98 · 10−4(T − 20◦C) (3.7)
kcp = 1 + 1.02 · 10−4(T − 20◦C) (3.8)
kk = 1 + 1.78 · 10−3(T − 20◦C) (3.9)
Chapter 4
Results & Discussion
4.1 Ex vivo imILT experiments
Figure 4.1 shows the result from one of the imILT treatments made on bovine
cardiac muscle. The line going through the circular discoloured area, the visible
lesion, in the figure shows where the optical fiber was placed.
Figure 4.1: The result of imILT treatment 1 performed on a Bovine Cardiac
muscle tissue slab, where the warm-up time was 90 s and the treatment time
was 30 minutes. The discoloured area seen is the resulting lesion.
The results and evaluations from the ImILT treatment experiments made on
bovine cardiac muscle are shown in table 4.1. Thirteen samples were taken from
24
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four different hearts in total to include biological variations in the evaluation of
the experiments. Treatments 5-11 in table 4.1 were made using SP1, SP2, and
MP simultaneously, and thus contain temperature data at radial distances of 5,
10, and 15 mm from the fiber.
Table 4.1: Results and evaluations from the imILT experiments made on
Bovine cardiac muscle. Tinit is the initial temperature of the tissue, ttreatment
is the treatment time, dlesion is the measured diameter of coagulated tissue
in the horizontal and vertical direction, and Etot is the total energy deposited
into the tissue during treatment. twarmup is defined as the time it takes to
achieve a temperature of 46◦C at the location of the master probe. Treatments
5-11 were made using SP1, SP2, and MP simultaneously. †An error in the
system caused the treatment to end prematurely, this data was only used for
calculations regarding the warm-up time. ? The initial temperature was too
low, this data was not used to calculate the standard deviation and the average
of the results.
Treatment # Tinit [
◦C] twarmup [s] ttreatment [s] dlesion [mm] Etot [J]
1 36.0 90 1800 16× 16 3124
2 37.9 82 1800 17× 16 2820
3† 37.5 126 1386 (16× 20) (3140)
4? 34.5 (84) 1800 (14× 16) (3094)
5 35.9 130 1800 18× 19 3734
6? 35.2 (130) 1800 (16× 16) (3694)
7 36.0 76 1800 14× 13 2540
8 36.2 100 1800 14× 16 2880
9 37.6 42 1800 9× 9 1960
10 36.2 54 1800 11× 11 2086
11 36.5 158 1800 19× 20 4124
12 37.2 92 1800 12× 14 2620
13 37.1 102 1800 14× 14 2860
STD 33.6 3.2× 3.6 666.7
Average 95.6 14.4× 14.8 2875
The resulting temperature curves measured by the master probe for the first 230
s for treatments 1-13 are shown in figure 4.2. temperature curves measured by the
master probe for the treatments tabulated in table 4.1 that generated the slowest,
most average, and fastest warm-up time respectively. The additional temperature
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data obtained from treatments 5-11 for the 5 and 15 mm source-probe distances
are shown in figures 4.3 and 4.4, respectively.
Figure 4.2: The resulting temperature curves for the imILT treatments, 1-
13, for the first 270 s measured by the temperature probe located 10 mm from
the radial fiber. The Emphasized temperature curves representing treatments
9, 11 and 12 resulted in the shortest, longest, and most average warm-up time
respectively.
From figure 4.2 it can be seen that the temperature curves appear to have a linear
relationship with time during the warm-up time, where the size of the gradient has
a possible tendency to increase with increasing initial temperature. This possible
dependency of the gradient on the initial temperature is however undermined in
regard to the diversity of the treatment outcomes, shown in table 4.1, for which
there is e.g. a large discrepancy regarding treatments 3 and 9 where the initial
temperature of the tissue slabs differed by 0.1◦C. This is likely due to biological
variations between the tissue samples. The difference in the warmp-up time be-
tween the treatments corresponds to a standard deviation of 33.6 s which in turn
corresponds to about 35% of the average warm-up time of 95.6 s. The measured
area of coagulated tissue for treatments 1-13 shown in table 4.1 appears to be in
some extent dependent on the warm-up time, which in the case of treatments 5-11
corresponds to a higher temperature at a distance of 5 mm from the light source,
as shown in figure 4.3. The total energy deposited into the tissue slabs during
the treatments in conjunction with the initial temperature of the tissues might
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determine the size of the lesion, where a larger total energy together with a lower
initial temperature seems to yield a larger lesion size.
Figure 4.3: The resulting temperature curves from the imiLT treatments 5-
11 from table 4.1, for the first 400 seconds, measured by a temperature probe
located 5 mm away from the radial fiber. The solid temperature curves come
in order (in regard to the legend) from the highest peak to the lowest.
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Figure 4.4: The resulting temperature curves from the imiLT treatments 5-
11 from table 4.1, for the first 400 seconds, measured by a temperature probe
located 15 mm away from fiber.
Treatments 2-5, 7, 8, 11 and 12 resulted in elongated lesions which might indicate
that the lesions follow the direction of the muscle fibres observed in the tissue slabs,
which e.g. can be seen in figure 4.1. This would possibly introduce an environment
with different optical and thermal interactions, and therefore possibly provide a
higher level of uncertainty between the experiments. Liquid in the tissue might
also move easier along the muscle fiber which further affects the heat conductivity,
and contributes to a more elongated lesion. Regarding the faster warm-up times
seen for treatments 9 and 10 in table 4.1 a possible error might be caused by the
placement of the optical fiber and and the master probe. The master probe was
seen to have a slight tilt towards the optical fiber, decreasing the distance between
them.
In general there are a number of possible sources of errors regarding the experi-
mental procedure and the tissue used, which might be related to a difference in
optical and thermal properties for the tissues used, and also how the optical fiber
and the master probe were placed in relation to each other. The different bovine
hearts that the tissue samples where cut from looked physically different. For
example, in colour, the amount and size of blood vessels, and in porosity. The
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colours differed in the reddish tone, and this is in part connected to the amount
of blood left in the tissue. This would imply a possible difference in light absorp-
tion between the hearts cut since a larger concentration of blood would increase
the amount of absorbed light closer to the fiber. The blood vessels were avoided
during the treatments, but the small holes in the tissues accompanied with the
porosity were difficult to avoid. These holes might have induced errors in the
treatments as they would for example introduce inhomogeneous regions within
the tissue, possibly contributing to different local scattering and thermal proper-
ties. These holes would thus affect the light distribution and therefore alter the
treatment outcome. Liquid might also be more movable in the holes, and would
then generate an increase in heat transfer, resulting in a larger uncertainty in the
treatment outcome.
As mentioned earlier, errors due to inaccurate placement of the optical fiber and
the master probe also induces uncertainties in the treatments. They might have
been shifted in height from the planned depth or in the horizontal direction. If
the distance between them decreases the warm-up time would also decrease as the
laser-induced heat introduced in the tissue would be needed to be transported a
smaller distance. Another effect on the treatment outcome is the possibility of
tissue carbonization which might occur during the treatment. Carbonized tissue
is a greater absorber of light than undamaged or coagulated tissue and therefore
shortens the distance light can travel in the tissue. This would introduce a steeper
heat gradient generated by absorption in the tissue. Carbonization reduces the
efficiency of the feedback process since the energy deposited in the tissue is trans-
ported to the point where the temperature is measured with a delay. Therefore,
carbonized tissue might imply that a higher amount of total laser light deposited
into the tissue is required for the treatment. Carbonized tissue was not directly
observed during the experiments, but rather a beginning of carbonization was seen.
The part of the tissues closest to the fiber in the experiments looked dehydrated
and had a dark brown tone, which seemed to differ from normal coagulated tis-
sue. This would, following an argument similar to that concerning carbonization,
possibly affect the treatment outcome. This area of dehydrated tissue differed in
size between the experiments and were more profound for treatments with longer
warm-up times. This could be a possible contributor to the difference in lesion
size between the treatments.
In regard to treatment 12, which has a warm-up time closest to the average time
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of 92 s, a graph of the accompanying laser power modulation is shown in figure
4.5 to be compared with the simulation model developed in this thesis.
Figure 4.5: The temperature curve for treatment 12 with the corresponding
laser output power graph, both plotted for the treatment time plus the warm-up
time (a duration of 1892 s).
4.2 Simulations of imILT
4.2.1 Varying optical & thermal input parameters
The results from the experiments performed in this thesis presented in section 4.1
were scattered which implies the importance of conducting an investigative simu-
lation study of for example varying optical and thermal properties of tissue. The
absorption coefficient and the reduced scattering coefficient are important factors
in laser-induced interstitial thermotherapy since they govern the light distribu-
tion in tissue. This affects the heat distribution generated in tissue due to light
absorption, and is thus also a governing factor in the amount of optical energy
that is required to keep the tissue temperature at 46◦C at the tumour border.
Theoretical simulations were performed in order to investigate how significantly a
variation in the optical properties affects a treatment, where the optical properties
were varied in a range considered realistic for ex vivo and in vivo settings. The
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thermal properties of tissue might also vary between tissue samples which would
affect how the temperature is distributed throughout the tissue. Similar imILT
simulations were thus also made for varying thermal properties.
4.2.1.1 Varying optical parameters
The power modulation of the light source given when simulating for bovine cardiac
muscle parameters is shown in figure 4.6.
Figure 4.6: The simulated output power from the light source in bovine car-
diac muscle accompanied with the temperature measured at the master probe,
both plotted for the treatment time plus the warm-up time (a duration of 1880
s).
The generated temperature plots at 5, 10 and 15 mm from the source when varying
the absorption coefficient, µa, are shown in figures 4.7 (a), 4.7 (b) and 4.7 (c)
respectively.
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Figure 4.7: The resulting temperature data from imILT treatment simulations
of bovine cardiac muscle tissue where the absorption coefficient has been varied
from 0.2 to 0.4 cm−1. (a), (b), and (c) show the measured temperature over time
before temperature stabilization at distances of 5, 10, and 15 mm away from the
light source respectively. (d) shows the temperature maximum distributions in
one direction from the light source to a point 12 mm away.
Comparing the simulated results shown in figure 4.7 to the experimental results
shown in figures 4.2-4.4, it was observed that the results of the simulated treat-
ments fall into the range of the experiments. This implies that the simulation
model might yield relevant results when investigating the impact in imILT due
to changes in optical and thermal properties. From figure 4.7 (b), regarding the
master probe, it can be seen that a higher absorption coefficient heats the tissue to
the target temperature of 46◦C at a faster rate, as well as inducing a higher tem-
perature overshoot above the target temperature. A similar analysis can be made
for the results regarding a 5 mm source-probe distance (figure 4.7 (a)), where the
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temperature rises at a faster rate for a higher absorption coefficient and reaching
a higher maximum temperature. This trend is however, as expected, broken at
a distance of 15 mm from the light source, where the opposite behaviour is seen.
A probable reason for this is coupled to optical penetration, where a larger µa
results in a greater localization of the optical energy, yielding a more localized
heat source. This would also imply a higher total energy in a region closer to the
source, yielding a higher temperature in this region, which furthermore, in regard
to heat transfer, would result in a higher rate of heat transport to tissue regions
further away. This might explain the faster rate of heating for a larger µa as seen
in figures 4.7 (b) and 4.7 (a), but as the distance increases between the point of
temperature measurement and the source, as for the case in figure 4.7 (c), this
argument is no longer observed to be fulfilled, which might be due the limitation
on heat transport in relation to the temperature gradient introduced in the tissue
via absorption. The difference in temperature overshoot seen in figure 4.7 (b) is
therefore possibly coupled to the distribution of the heat source, where a more
distributed heat source yields a faster feedback process due to a decrease in the
delay of the transportation of optical energy (as mentioned in section 4.1). Thus a
larger µa leads to a larger temperature overshoot above 46
◦C at the master probe
distance.
The maximum temperature distribution in one direction from the light source to
a point 12 mm away for the three simulations where µa was varied, are shown
in figure 4.7 (d). From the figure, it can be seen that the temperature difference
between the three curves decreases with the distance from the light source, until
a point where they intersect and the relation becomes inverted (barely seen in
the figure). The temperature is as expected higher towards the light source for
the curve where µa = 0.4 cm
−1. The explanation for the seen difference in tem-
perature between the curves in the figure might concur with the argument given
for the results shown in figures 4.7 (a)-4.7 (c) in regard to the dependency of the
localization of the optical energy on µa, and the accompanying effects on heat
transfer.
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Figure 4.8: The resulting temperature data from imILT treatment simulations
of bovine cardiac muscle tissue as a result of changing µ′s between 2.96, 4.9, 12.3,
and 15.4 cm−1. (a), (b), and (c) show the measured temperature over time
before temperature stabilization at distances of 5, 10, and 15 mm away from the
light source respectively. (d) shows the maximum temperature distributions in
one direction from the light source to a point 12 mm away.
The measured temperature data obtained when changing the reduced scattering
coefficient, µ′s, is shown in figure 4.8. Regarding the change in µ
′
s it can be seen
from figures 4.8 (a)-4.8 (c) that an increase in the reduced scattering coefficient
induces a similar behaviour as for an increase in the absorption coefficient. The
overshoot in temperature above 46◦C also appears to increase with an increase in
µ′s. When it comes to the characteristics of optical scattering, a higher scattering
coefficient implies a higher probability for a more localized light distribution, due
to the probability of more scattering events for a shorter distance, which appears
to be in good correlation with the results. The different temperature distributions
shown in figure 4.8 (d) are as in the case of varying µa showing a possible correlation
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between the maximum temperature at an arbitrary point and the value of the
scattering coefficient, for which a larger µ′s results in a higher temperature for a
certain distance away from the source. This is however limited by the size of the
temperature gradient induced into the tissue (as described for varying µa) and the
localization of the optical energy, which to some extent can be seen in figure 4.8
(c).
The results and evaluations generated by the imILT simulations where µa and µ
′
s
were varied are shown in table 4.2. It can be seen from the table that a higher
value of µa gives a larger temperature overshoot above 46
◦C, a longer cool-down
time, a larger lesion diameter, and a smaller amount of energy deposited into the
tissue (Etot). An increase in µ
′
s yields similar results. This is similarly seen for the
reduced scattering coefficient, µ′s. A possible reason for this phenomenon might
be correlated to the size of the introduced temperature gradient together with the
localization of the optical energy and heat transfer. Here, a larger temperature
gradient could imply a temperature distribution with a higher minimum tempera-
ture (due to heat transfer), which might result in a lower amount of optical energy
needed to warm the tissue back to 46◦C after turning off the heat source. It
can furthermore be seen from the results that the significant differences between
the simulations occur during the warm-up time, which is influenced by the tissue
properties investigated. When it comes to the significance of a change in opti-
cal properties for a treatment, the absorption coefficient, albeit the smaller range
in input parameters in regard to the reduced scattering coefficient, almost has a
comparable impact on the treatment outcome. The reduced scattering coefficient
is however the parameter out of these two that is said to change the most during
a treatment, which is mainly due to tissue coagulation, where the value of µ′s ap-
proximately doubles, and induces a noticeable change on the treatment outcome,
seen by the results of the simulations.
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Table 4.2: Results and evaluations from the imILT simulations made on
Bovine cardiac muscle when varying µa and µ
′
s. Here, the warm-up time is
denoted as twarmup, the temperature reached above 46
◦C (overshoot) is repre-
sented by Tos, the time it took for the tissue temperature to decrease to 46
◦C
after the overshoot is denoted tcooldown, the accumulated lesion size (zone of
coagulation) is written as dlesion, and Etot is the total energy deposited into the
tissue during treatment.
µa [1/cm] µ
′
s [1/cm] twarmup [s] Tos [
◦C] tcooldown [s] dlesion [mm] Etot [J]
0.2 4.9 86 0.6 92 14.6 2944
0.3 4.9 80 1.1 128 15.3 2584
0.4 4.9 78 1.5 150 15.8 2388
0.3 2.96 86 0.5 84 14.5 2980
0.3 12.3 82 3.1 212 16.4 2258
0.3 15.4 84 3.7 234 17.0 2190
4.2.1.2 Varying thermal parameters
The results of the simulated temperature curves at distances of 5, 10 and 15 mm
away from the light source generated when changing the heat conductivity, k, are
shown in figure 4.9. A plot of the accompanying maximum temperature distribu-
tions to a point located 12 mm away from the light source is shown in figure 4.9
(d). It is from figure 4.9 noticeable that a higher conductivity results in a more
uniform heat distribution, which is in correlation with the lower maximum tem-
perature observed. A higher value of k also demonstrates a faster heat transport
throughout the tissue, which can be seen in figure 4.9 (c) where the temperature is
measured 15 mm away from the point source. The faster rate of heat transfer seen
when increasing heat conductivity gives a possible explanation for the difference in
the temperature overshoot above 46◦C between the temperature curves in figure
4.9 (b).
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Figure 4.9: he resulting temperature data from imILT treatment simulations
of bovine cardiac muscle tissue where the heat conductivity has been varied
from 0.197 to 0.532 W/(m·K). (a), (b), and (c) show the measured temperature
over time before temperature stabilization at distances of 5, 10, and 15 mm
away from the light source respectively. (d) shows the temperature maximum
distributions in one direction from the light source to a point 12 mm away.
A summary of the results and evaluations from the imILT simulations in regard
to varying the thermal properties is given in table 4.3. The volume of coagulated
tissue decreases with an increase in conductivity, which in this case is a direct
relation to the the temperature distribution seen in figure 4.9 (d) since 55◦C was
the temperature used to separate undamaged tissue from coagulated. Changes
in the total energy deposited into the tissue between the treatments seems to
increase with an increase in heat conductivity. The results from the simulations
performed to investigate the effect on a treatment when varying the density, ρ,
and the specific heat cp seen in table 4.3, do not vary in the same magnitude as the
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results obtained when varying the heat conductivity. This can be seen from the
evaluation of the lesion size and the total energy deposited into the tissue where
the difference is very small. The effect on the treatment outcome when changing
the heat conductivity is of greater importance, and the size of variation of the cited
values for this parameter in regard to bovine cardiac muscle yields a significant
effect to end result of a treatment.
Table 4.3: Results and evaluations from the imILT simulations made on
Bovine cardiac muscle when varying k, ρ, cp. ∆ thermal property represents
the thermal property being changed, the warm-up time is denoted as twarmup,
the temperature reached above 46◦C (overshoot) is represented by Tos, the time
it took for the tissue temperature to decrease to 46◦C after the overshoot is
denoted tcooldown, the accumulated lesion size is written as dlesion, and Etot is
the total energy deposited into the tissue during treatment.
∆ Thermal property twarmup [s] Tos [
◦C] tcooldown [s] dlesion [mm] Etot [J]
k = 0.197 W/(m·K) 86 2.0 370 16.2 1486
k = 0.365 W/(m·K) 82 1.4 162 15.6 2312
k = 0.418 W/(m·K) 80 1.1 128 15.3 2584
k = 0.532 W/(m·K) 78 0.7 182 15.1 3126
ρ = 993 kg/m−3 78 1.1 122 15.3 2562
ρ = 1039 kg/m−3 82 1.1 130 15.3 2588
cp = 3370 J/(kg·K) 78 1.0 120 15.3 2562
cp = 3810 J/(kg·K) 88 1.0 138 15.3 2636
4.2.2 Discussion about changing the medium to be treated
Changing to another tissue type or to another tissue state (for example if the
tissue is frozen) in the model is equivalent to changing the optical and thermal
parameters in the model. Bovine Liver tissue for example has a lower absorption
coefficient, a higher µ′s, and a higher heat conductivity than than Bovine cardiac
muscle tissue [36],[39]. If the parameters in the model are changed to the ones
of another tissue type, the change in the simulation results would be foreseeable
based on the the results obtained in the parameter-changing study. Changing
the tissue state to coagulated is also important to investigate since the process of
thermal coagulation of tissue occurs during imILT, which in the model is done by
changing the optical parameters and thermal parameters to that of the coagulated
tissue of interest. This is also done when recursively implementing coagulated
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tissue in the model. The results from the model implemented in this thesis are
furthermore shown in sections 4.2.3 and 4.2.4.
4.2.3 Introducing static Coagulation volumes
As seen from the results in section 4.2.1.1, the change in optical properties due to
tissue coagulation are significant, and if a simulation model more comparable to ex
vivo imILT experiments is desired, the model needs to contain conditions for both
non-coagulated and coagulated tissue. Therefore, simulations of imILT where a
certain volume of coagulated tissue was introduced in the model were performed.
The size of the volume of coagulated tissue was changed between the simulations
as a mean of further investigating the effects on the treatment outcome. The
results of these simulations in regard to the measured temperature data are shown
in figure 4.10.
From the results given in figure 4.10 (b) there is a considerable difference in warm-
up time between non-coagulated bovine cardiac muscle tissue and coagulated tis-
sue, which is an attribute of the increase in scattering in the region of the tissue
model where the tissue is determined to be coagulated. The effect on the treat-
ment when increasing the reduced scattering coefficient, as discussed in section
4.2.1.1, gives a more localized light distribution and thus a larger temperature
gradient, which can be seen in figure 4.10 (d). The size of the coagulation volume
is however an important factor since light is less efficiently scattered in the non-
coagulated tissue outside the coagulated volume. This implies that the part of
the already diffused light escaping the coagulated volume becomes scattered over
a more widespread volume and is absorbed quickly. This is due to the difference
in the scattering properties between non-coagulated and coagulated tissue. It can
furthermore be seen from the results in figure 4.10 that heat transport due to ther-
mal properties is a slower process than heat generation due to the absorption of
light. This can be seen by the high overshoot in temperature above 46◦C together
with higher temperatures closer to the light source when a volume of coagulated
tissue is introduced in the simulation model. An increase in heat conductivity can
however have a significant impact on heat transfer which can be observed in figure
4.10. This in regard to the case where k = 1 W/(m·K) within a coagulation vol-
ume of 5 mm in diameter, where in comparison to the simulation where k = 0.418
W/(m·K) and dc = 5, the warm-up time has decreased by 10 s, the temperature
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closest to the light source is lower, and the temperature at a distance of 15 mm
away from the light source increases almost as fast as for non-coagulated tissue.
Figure 4.10: The resulting temperature data from imILT treatment simula-
tions of bovine cardiac muscle tissue where coagulation zones of 5-17 mm in
diameter have been introduced. (a), (b), and (c) show the measured tempera-
ture over time before temperature stabilization at distances of 5, 10, and 15 mm
away from the light source respectively. (d) shows the temperature maximum
distributions in one direction from the light source to a point 12 mm away. †
k = 1 W/(m·K) for coagulated tissue.
The results and evaluations of the imILT simulations where different sized coagu-
lation zones were introduced in the tissue are shown in table 4.4.
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Table 4.4: Results and evaluations from the imILT simulations made on
Bovine cardiac muscle when varying the diameter of coagulated tissue, dc. Here,
twarmup is the warm-up time, the temperature reached above 46
◦C (overshoot)
is represented by Tos, the time it took for the tissue temperature to decrease
to 46◦C warm-up is denoted tcooldown, and the accumulated lesion size (zone of
coagulation) is written as dlesion.
† k = 1 W/m(·K) for coagulated tissue.
dc [mm] twarmup [s] Tos [
◦C] tcooldown [s] dlesion [mm]
0 80 1.1 128 15.3
5 108 1.1 134 15.6
10 110 2.8 204 16.9
15 101 4.1 246 17.8
17 97 4.2 248 17.7
5† 98 0.197 32 14.0
Comparing the simulated static coagulation volumes with the experimental results
in section 4.1, the simulation having dc = 17 mm lies closest to the experimental
results in regard to the average warm-up time of 95.6 s, but gives however, an
overestimation in the lesion size in regard to the average lesion size of approxi-
mately 15 mm in diameter from the experiments. The lesion size generated when
only using parameters for non-coagulated tissue is however closer in agreement
with the experimental results. The maximum temperature distribution close to
the point source achieved when simulating for dc = 17 mm is close to temperatures
of 400◦C, which are temperatures probable of inducing tissue carbonization. Car-
bonized tissue was however, not seen during the experiments. Furthermore, the
temperature overshoot above 46◦C at the master probe for the experiments did
not go beyond 0.5◦C. Albeit these differences in the treatment outcome between
the experimental results and the model, the results from the model lies within the
range of the results from the experiments, and the temperature curves show a sim-
ilar behaviour and contain a similar temperature interval as the experiments. This
indicates that a simulation model of imILT implementing a static coagulation zone
of a certain size might give a good estimation of an ex vivo treatment outcome,
but can in general only be used for post-experimental analysis. This since the
introduced coagulation zone is a parameter found by best fit with experimental
results.
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4.2.4 Recursive tissue coagulation
It is discussed in section 4.2.3 that there is a significant difference in warm-up
time and temperature distribution whether or not coagulation is considered. For
the simulations where thermal coagulation was considered in the form of a fixed
volume the resulting warm-up times were closer to that of the average warm-up
time of 95.6 s seen for the experiments in section 4.1. The optical properties were
changed for a chosen fixed region where tissue was deemed coagulated at all times,
but this simplification is however not a dynamic process. In reality, the changes
in the properties of tissue during heating is a dynamic process dependent on heat
exposure and exposure time. The thermal properties of tissue coupled to the
bioheat equation have been fixed at all times for the previous simulations in this
thesis work. This might induce an effective error to the results since the thermal
properties of tissue are said to be predominately dependent on the temperature in
terms of water content. Water contained in tissue dissipates during heat exposure
and an approximate description of water dissipation correlated to the thermal
properties is shown in equations (3.4)-(3.6) in section 3.2.5.3. As from the results
in section 4.2.1.2, a shift in the value of heat conductivity can have a significant
impact on heat transfer. The temperature dependency of heat conductivity is
therefore also an important parameter to be taken into consideration.
To more accurately mimic the true scenario following laser induced thermother-
apy, a simulation model taking into account dynamic changes of tissue optical and
thermal properties was developed. Following this, simulations of imILT were per-
formed with the implementation of two separate dynamic determination methods
simultaneously. One method for the thermal properties of tissue (eqs. (3.4)-(3.6))
and one for the optical properties. The dynamic changes in the optical proper-
ties of tissue were changed either by using the temperature thresholds 55◦C and
60◦C separating non-coagulated and coagulated tissue, or by using the equations
(3.1)-(3.3) based on the Arhenius equation. The optical properties simulated for,
as well as the activation energy and the frequency factor used in the Arrhenius
equation are summarized in table 3.3 in section 3.2.5.3.
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Figure 4.11: The resulting temperature data from imILT treatment simu-
lations of bovine cardiac muscle tissue where recursive tissue coagulation has
been implemented. Pnative and Pcoagulated represents the optical properties for
native and coagulated bovine cardiac muscle tissue respectively. (a), (b), and
(c) show the measured temperature over time before temperature stabilization
at distances of 5, 10, and 15 mm away from the light source respectively. (d)
shows the temperature maximum distributions in one direction from the light
source to a point 12 mm away.
The results from the simulations where recursive tissue coagulation was imple-
mented in the model, are in regard to the measured temperature data shown in
figure 4.11. The simulations utilizing a threshold of either 55◦C and 60◦C to re-
cursively determine tissue coagulation gave similar results. The small difference
between these two is seen regarding the maximum temperature peak in figures 4.11
(a),(b), and (c). This difference is related to the threshold temperature for which
the volume of tissue with altered properties increases faster when implementing
the lower threshold temperature. These simulations yield results similar to that
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when implementing a coagulation volume of 10 mm in diameter. The tempera-
tures achieved when using the fraction of damaged, fd, and undamaged tissue, fu,
to determine the change in optical properties are closer to the simulation where
the tissue properties were unchanged. A reason for the difference between the
simulated results where the optical properties have been changed dynamically ei-
ther using the Arrhenius eq. or a temperature threshold is that the tissue region
reaching the threshold temperature is altered directly, while this is not the case
when implementing the Arrhenius equation. This equation determines the tissue
damage in terms of temperature and time and therefore leads to changes in optical
properties closer to the light source at a slower pace than the previous approach.
A summary of the results and evaluations from the simulations were the tissue
properties were dynamically changed throughout the treatment are shown in table
4.5. The warm-up time from the results lie close to the average value of the
warm-up time from the experiments, where this time for the simulations using
a threshold temperature to determine tissue coagulation is slightly longer, 4.4
s using 55◦C and 2.4 s using 60◦C. When using the fraction of damaged and
undamaged tissue calculated from the Arrhenius eq. as an indicator for the change
in the tissue optical properties, the warm-up time is 7.6 s shorter. Considering the
calculated lesion size for the three different simulations the one using a temperature
threshold of 60◦C to determine tissue coagulation has the lesion size closest to the
average from the experiments differing by +0.22 mm in width and −0.18 mm in
height. Using 55◦C as a temperature threshold might give an overestimation of the
lesion size. The total deposited energy in the tissue resulting from the simulations
using a temperature threshold for thermal coagulation have values lower but close
to the experimental data. Regarding the results of implementing a dependence
for the optical properties on the fraction of damaged and undamaged tissue, the
lesion size and the total energy deposited into the tissue can partly be analysed
since the simulation had to be aborted after 1666 s. This due to a convergence
error in the model solver. It can however be estimated that during the remaining
222 s the lesion size would increase to about 14 mm in diameter and the total
energy deposited into the tissue would be about 2756 J. These estimations are
only statistical and might not be applicable, but if they are reproducible they
yield values close to the average of the experimental results.
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Table 4.5: Results and evaluations from the imILT simulations made on
Bovine cardiac muscle when implementing recursive tissue coagulation by the
means of a threshold. Here, twarmup is the warm-up time, the temperature
reached above 46◦C (overshoot) is represented by Tos, the time it took for the
tissue temperature to decrease to 46◦C after the overshoot is denoted tcooldown,
the accumulated lesion size is written as dlesion, and Etot is the total energy
deposited into the tissue. The fraction of undamaged and damaged tissue are
represented by fu and fd respectively. The expressions Pnative and Pcoag repre-
sents the optical properties for native (non-coagulated) and coagulated bovine
cardiac muscle tissue respectively.† the simulation had to end after 1666 s due
to a convergence error in the model solver.
Coagulation threshold twarmup [s] Tos [
◦C] tcooldown [s] dlesion [mm] Etot [J]
55 [◦C] 100 3.26 208 17.13 2634
60 [◦C] 98 2.84 196 14.62 2524
(fuPnative + fdPcoag)
† 88 1.19 128 12.99 2438
A 2D temperature map from the simulation using a 60◦C threshold for thermal
coagulation of bovine cardiac muscle is shown in figure 4.12.
Figure 4.12: The simulated 2D temperature map obtained when implementing
recursive coagulation of bovine cardiac muscle tissue using a 60◦C threshold for
tissue coagulation. The two innermost circles (almost on top of each other)
circumvents the coagulated tissue region where the border has a temperature of
60◦C and where there is a 99% probability of cell death (Ω = 4.6), respectively.
The outermost circle shows the border where there is a 63% probability of cell
death (Ω = 1).
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The lesion size seen in figure 4.12 evaluated when using Ω = 4.6 as presented in
table 4.6 is about 15 mm in diameter and almost overlaps with the estimation of
using 60◦C as an indicator for tissue coagulation, while the lesion size becomes
23.8 mm if Ω = 1 is used. Evaluating tissue damage using Ω = 4.6 gives a lesion
size close to the average of the experiments, only differing by +0.6 mm in width
and +0.2 mm in height, whereas using Ω = 1 leads to a large overestimation of the
lesion size. Both using 60◦C as a threshold temperature for tissue coagulation and
Ω = 4.6 seem to be good indicators of thermally induced damage on tissue ex vivo.
The result from using Ω = 1 to evaluate the lesion size gives a volume of irreversible
damaged tissue which includes damage due to hyperthermic temperatures (about
42-50◦C) which is relevant in in vivo settings, where a lesion size of about 20 mm
in diameter is expected with this set-up [6].
Table 4.6: The results from the experiments that yielded the most aver-
age, minimum, and maximum of the parameter values measured. As well as
the results from the simulations where recursive tissue coagulation was imple-
mented. Dth,55◦C and Dth,60◦C represent the simulations where a threshold of
55◦C and 60◦C were used to recursively determine thermal coagulation respec-
tively. Dth,60◦C,Ω=4.6 evaluates the lesion size using the Arrhenius equation for
data belonging to the simulation regarding Dth,60◦C.
Results from twarmup [s] dlesion [mm] Etot [J]
Dth,55◦C (simulation) 100 17.1 2634
Dth,60◦C (simulation) 98 14.6 2524
Dth,60◦C,Ω=4.6 (simulation) 98 15.0 2524
Average (experiments) 95.6 14.4× 14.8 2875
Minimum (experiments) 42 9× 9 1960
Maximum (experiments) 158 19× 20 4124
An in vivo imILT study on porcine skeletal muscle tissue using a similiar set-up
as in this thesis, but with the master probe positioned at 15 mm away from the
optical fiber, resulted in a measured lesion size of 34±9 mm in width and 30±7 mm
in height, yielding an average diameter of approximately 30 mm [5]. Following the
expectations of the total accumulated lesion for the imILT treatment if the master
probe would be positioned 10 mm from the optical fiber, the average diameter of
the lesion size would be approximately 20 mm, i.e a size two times bigger than
the light source to master probe distance. The theoretical calculated lesion size
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in the model using Ω = 1 as per figure 4.12 yielded a lesion size of 3.8 mm larger
than the in vivo study results in [5]. Note however, that in this case, the model
incorporates parameters for bovine cardiac muscle tissue, and not porcine skeletal
muscle tissue, so the arrhenius parameters and the optical and thermal parameters
in the model are inaccurate in the comparison. Also that the model does not take
effects such as blood perfusion into consideration. The model however, gives a
reasonable lesion size in this crude comparison to the in vivo measurements in
[5]. The theoretical model evaluating tissue damage using the Arrhenius approach
might thus be useful for both ex vivo and in vivo treatment planning.
There are however sources of error accompanying the simulation models developed
in this thesis. The method used to modulate the thermal properties is erroneous
for temperatures above 100◦C as this is the boiling point of water and the descrip-
tion therefore becomes much less accurate. As figure 4.11 (d) shows temperatures
well above 100◦C were achieved in the simulations. Furthermore, when water re-
siding in tissue boils some of the energy that contributes to temperature increase
is used to change water from liquid to gas phase. The temperature rise in tissue
would therefore be delayed at times when water boils. As tissue boils and steam
bubbles form and possibly coalesce leaving holes in the tissue, the complexity of
the model significantly increases. When it comes to the recursive modulation of
the optical properties the used temperature thresholds for thermal coagulation are
implemented under the assumption that at tissue regions where this temperature
is achieved thermal coagulation occurs instantly. This is however not the case seen
in experiments from previous studies, where a temperature of 60◦C only lead to
irreversible damage after about 6 s of exposure while 55◦C lead to irreversible dam-
age first after about 50 s [18]. This implies that the border separating thermally
coagulated tissue and undamaged tissue might have been overestimated, especially
for the case where 55◦C was used. Considering the evaluation of thermal damage
using the Arrhenius approach an uncertainty especially lies with the two param-
eters A (frequency factor) and ∆Ea (activation energy) since experimental data
for these parameters are difficult to obtain. This is due to the inhomogeneity of
tissues as well the difficulty of choosing an appropriate physical marker to asses
thermal damage. Despite these errors the results from this simulation study are in
good qualitative agreement with the experimental results, which is shown in table
4.6.
Chapter 5
Conclusions & Outlook
Both an experimental and theoretical study of immunostimulating interstitial laser
thermotherapy on bovine cardiac muscle tissue was performed to evaluate how
well a theoretical model can predict the outcome an ex vivo imILT treatment.
The theoretical study was also performed to evaluate the significance of variations
in thermal and optical properties of tissue, such as absorption, scattering, and
thermal conductivity. It was furthermore used to investigate the effect of dynamic
tissue properties on the treatment results. This by the implementation of fixed
and recursive coagulation volumes.
From the simulation results it is seen that an increase in the absorption coeffi-
cient implies that the light is absorbed within a smaller volume. This results in
a faster temperature rise close to the light source while the temperature rise of
tissue further away is slower. An increase in the scattering coefficient yields a
similar effect. Increasing the heat conductivity of tissue increases the rate of heat
transport throughout the tissue decreasing the maximum temperature achieved
close to the light source. A similar behaviour is observed if the amount of co-
agulated tissue around the fiber is increased. Modelling recursive coagulation of
tissue using a threshold temperature yields similar effects as implementing coag-
ulation zones close to the light source. From the simulations it was concluded
that a change in all of the optical properties affects the result in the same way;
therefore it is difficult to identify the individual contributions. It was found that
the heat conductivity is the most important thermal property of tissue. Its large
uncertainty and the large impact it yields makes it more relevant to calculate the
heat conductivity dynamically based on tissue water content, as done in the last
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simulation study presented in this thesis.
The results of the simulated imILT treatment of bovine cardiac muscle generated
by the model developed in this thesis are in overall agreement with the experi-
mental results. It is the implementation of recursive changes on the optical and
thermal properties that seems to give the best agreement with the experiments.
The simulation where a temperature threshold of 60◦C was implemented to deter-
mine thermal coagulation, generated the results that were closer to the average of
the results of the experiments. A similar lesion size was obtained when evaluating
the damaged volume using the Arrhenius equation, where Ω = 4.6 was considered
the threshold value to define the damaged tissue (99% cell death). Ω = 1 (63%
cell death) yielded a lesion size that is compatible with expected in vivo results.
For future usability of the model more experiments are needed to validate it.
This since the experimental results varied noticeably between the treatments, and
therefore implies that the average of the results from the experiments performed
might be either over or underestimated. The diffusion approximation of light
transport might not be good enough to simulate the light distribution and a more
accurate description of light transport, such as using Monte Carlo based on the
radiative transfer theory, might be needed. The assumption of using a point source
to replace a physical optical fiber might be erroneous and could be improved by
implementing the irradiation profile from the fiber of interest. The heat conduc-
tivity needs to be evaluated more precisely for the tissue treated, possibly based
on water content. Improved measurements of the optical properties for the tissue
of interest are needed due to their large impact on the treatment, especially at
stages where tissue coagulates. Furthermore, only using a two-step change in the
optical properties dependent on a temperature threshold for thermal coagulation
might be inaccurate and a more dynamic approach is needed, such as the Ar-
rhenius approach which also depends on time of heat exposure. The Arrhenius
parameters are however difficult to measure. Despite these possible restrictions to
the model developed in this thesis it can be made useful for predicting treatment
outcomes for different tissue types ex vivo, and can be used to for example assess
the necessary input power needed to treat a specific region in the tissue of interest,
or where to place the master probe. It is also promising for the more complicated
in vivo treatments where it can be potentially used during treatment planning
to determine the treatment dosimetry to, for example avoid unnecessary damage
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to healthy tissue and carbonization. In in vivo settings the model however needs
to include parameters such as blood perfusion, and effects due to local inhomo-
geneities such as for example blood vessels. The model can be further expanded
to for example include a defined region of tumorous tissue surrounded by healthy
tissue to further mimic reality.
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